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ABSTRACT
Photoacoustic imaging (PAI) is a biomedical technique 100% sensitive to
optical absorption produced by either absorbing sources such as tissue or
contrast agents upon laser illumination. In the past decade, photoacoustic
microscopy (PAM) has advanced as a PAI technique able to image high-
resolution specimens and break the optical diffusion limit reaching several
millimiters in tissue depth. However, in order to implement this promising
technique in real clinical scenarios it is required to refine a new generation of
PAI devices which are safe, user friendly, and affordable, and which operate in
vivo and in real time with fast acquisition and high sensitivity and resolution.
Solving these problems vis-a-vis PAM is the main motivation behind this
work. Firstly, photoacoustic shadow-casting microscopy (PASM) has been
developed in our laboratory, a technique with unprecedented sensitivity that
makes use of an optical absorber in contact with a biological sample and
enhances the low signal-to-noise ratio originating from weak absorbers or low
laser fluence when dealing with sensitive samples. As opposed to previous
techniques, it is an easy and cost-effective technique that does not rely on
contrast agents, averaging or increasing the laser pulse energy in order to
compensate for low signal-to-noise ratio. Secondly, our current work is also
explained, namely, the miniaturization of all-optical PAI systems, which is a
key step toward expanding its applications such as endoscopy. In contrast to
conventional piezoelectric transducers, whose miniaturization is non-trivial,
the design, fabrication and implementation of all-optical methods such as
whispering gallery modes or Fabry-Perot sensors meet the aforementioned
requirements of the next generation of PAI systems.
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CHAPTER 1
INTRODUCTION
This chapter introduces photoacoustics. Section 1.1 highlights milestones in
its history: from Bell’s invention to current in vivo microscopy. Section 1.2
explains the need of using light to image the human body due to its unique
interaction with matter. There are also many challenges that still need to be
overcome which are described in Section 1.3.
1.1 History of photoacoustics
In 1880, Alexander Graham Bell and his assistant Charles Sumner first dis-
covered the photoacoustic effect with the invention of the photophone. Fig-
ure 1.1 illustrates a modern version of this device. A mirror is placed at the
output of a speaker such that it vibrates according to the emitted sound.
The mirror also reflects sunlight toward a solar panel or selenium cell. Light
reflected by the mirror is intensity modulated according to the mirror’s vi-
bration. As the solar panel converts optical power into electrical power, the
signal can be further amplified and sent to another speaker which reproduces
the initial sound [1]. The invention of the photophone was ahead of its time.
In fact, until 1938 there was no clear application of the photoacoustic effect.
Veingerov in 1938 [2] first introduced optoacoustic spectroscopy in gases by
using microphone diagrams inside an absorption cell for gas concentration
analysis.
However, the invention of the laser in 1960 was a keystone in the history
of photoacoustics. Until this time, the detected heat produced by the ab-
sorption of electromagnetic (EM) waves was produced via thermal diffusion.
Now, a pulsed laser whose duration was less than the thermal relaxation
time in a given target circumvented diffusion, enhancing the generation of
photoacoustic waves. PAM is a direct application of pulsed effect excitation,
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Figure 1.1: Photophone schematic
also known as time-domain photoacoustics. This phenomenon will be fur-
ther explained in Chapter 2. The number of photoacoustic applications grew
exponentially with pulsed or intensity-modulated lasers. In fact, the earliest
biomedical studies appeared in 1973 when Rosencwaig [3] investigated the
photoacoustic spectra of whole blood, red blood cells and hemoglobin fol-
lowed by Bowen′s thermoacoustic A-scans from human arm (1981) [4], the
first thermoacoustic images from phantoms by Olsen and Lin (1982) [5], time
resolved photoacoustic studies of ex vivo vascular tissue by Cross (1987) [6]
and the first laser photoacoustic image (1994) by Oraevsky [7] . Finally,
in the 21st century in-vivo PAM was feasible as a variant of photoacoustic
tomography (PAT).
1.2 Motivations for biomedical optics
Light is a part of the EM spectrum that cannot be neglected in biomedical
imaging due to its unique interaction with matter at a molecular level. Al-
though there are well-established imaging techniques currently used in real
clinical scenarios, there is still a need to image the human body with higher
resolution and contrast in a faster, safer and user-friendly manner. For in-
stance, commonly used techniques such as x-rays or positron emission to-
mography (PET) are in the ionizing part of the EM spectrum. Molecules
are ionized thus damaging DNA. In contrast, most of light is in the safe part
of the spectrum, until infrared wavelengths which are the boundary between
2
harmful and nonharmful. Photon energy values are around 2 eV.
Regarding photoacoustic imaging (PAI), it has already been demonstrated
that this technique can image the brain structure and its functionality simi-
lar to magnetic resonance imaging (MRI). Wang first showed cerebral hemo-
dynamic changes of a mouse brain in response to whisker stimulation [8].
PAI can also, like PET, reveal metabolic information, demonstrating that 2-
NBGD can act as an exogenous contrast agent illustrating a glucose uptake
[9]. Moreover, molecular data is also detected by PAI offering the ability
to image any of the main hallmarks of cancer, a fundamental problem in
medicine [10]. Lastly, PAI can also be applied for histological imaging with-
out extraction of tissue, highly important in breast tumor imaging [11].
The implementation of PAM as an add-on or upgrade for current gold
standard methods in clinical applications is the main motivation behind the
conducted research, specifically the development of next-generation systems
such as photoacoustic shadow-casting microscopy (Chapter 3) for greater
sensitivity, and miniaturization for faster intravascular imaging and brain
endoscopy (Chapter 4).
1.3 Challenges in biomedical optics
There exist two fundamental challenges in biomedical optics: resolution and
depth. The former is described as the ability to distinguish two features that
are separated by a given distance while the latter deals with the problem of
how far can light penetrate inside tissue. The well-known resolution limit or
diffraction limit stated by Abbe is given by Equation 1.1. For a given laser
wavelength and numerical aperture (NA), the minimum discernible feature
is equal to:
ρ =
λ
2NA
(1.1)
The resolution limit has been surpassed by nonlinear systems known as
superresolution techniques such as photoactivated localization microscopy
(PALM) and stochastic optical reconstruction microscopy (STORM). Super-
resolution techniques are beyond the scope of this thesis. However, related
to PAI the scenarios in which the super-resolution techniques can be applied
are still limited. On the other hand, depending on the technique, depth
3
can be limited by different physical phenomena which rely on scattering and
absorption [12]. Historically, classical microscopy is limited by aberration:
a thin layer of tissue (100 µm) needs to be cut and placed at the sample
stage such that its image contains a quasi-perfect wavefront. Modern tech-
niques overcome this limitation. Examples are optical coherence tomography
(OCT) and confocal microscopy. Both techniques filter the detector′s inci-
dent light by using backscattered light and a pinhole, respectively. However,
previous techniques are still limited by diffusion. After light has travelled
1 mm in soft tissue, photons have experienced a high number of scattering
events so photons do not retain memory of their previous path due to the
properties of random walk. Thus, optical imaging techniques that rely on
scattering can image up to 1 mm, known as the soft tissue limit. As PAI is
a technique that allows scattering in tissue, it can break the optical diffusion
limit. As mentioned in Section 1.1, the photoacoustic effect is produced by
the absorption of light, in this case, tissue. Thus, all light inside the tissue
will be absorbed and generate photoacoustic signals that can be detected by
ultrasound transducers. A more detailed explanation of PAI is further re-
vealed. PAI is limited by dissipation when light cannot generate detectable
photoacoustic signals with a depth of 10 mm. Lastly, new techniques are try-
ing to overcome the dissipation limit by using wavefront engineering which
tries to bring the photons back together using an internal guide star. These
techniques are beyond the scope of this thesis.
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CHAPTER 2
FUNDAMENTALS OF PHOTOACOUSTIC
IMAGING
Consequent to optical absorption in tissue, the energy released back to the
ground state may take two paths: fluorescence or thermal dissipation. Gener-
ated heat during thermal relaxation generates a PA wave that can be detected
by conventional piezoelectric transducers or optical resonators, establishing
the basis of PAI [13].
2.1 Time-domain PA
In PAM, a nanosecond laser pulse is fired onto the tissue. In time-domain
PA there are three conditions that the incident beam must meet. Firstly, as
previously mentioned, PAI is a safe imaging technique; thus, the laser pulse
energy may be under the laser safety standards set by ANSI in which the
energy limit is 20 mJ/cm2 [14]. Then, if the duration of the laser pulse is
less than thermal and stress relaxation times, thermal and stress confinement
conditions are met. Thermal and stress confinement must exist in order to
obtain efficient PA signal generation, and its duration times are given by:
tth =
dc
vs
(2.1)
and
tst =
d2c
vs
(2.2)
respectively, where dc is the heated region area, αth is the thermal diffusivity
and vs is the speed of sound. Considering dc =15 µm , αth = 1.3× 10−3
cm2/s, tth = 17× 10−4 s and tst = 0.01 µs. Thus, a pulse laser with dura-
tion tpulse = 1 ns and energy under 20 mJ/cm
2 meets all previously stated
conditions and the fractional volume expansion dV/V in Equation 2.3 can
be neglected.
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dV
V
= −κp+ βT (2.3)
where κ is the isothermal compressibility, p represents the initial pressure
rise (Pa), β is the thermal coefficient of volume expansion (K−1), and T is
temperature (K). The initial pressure rise can be expressed as:
p0 =
βT
κ
(2.4)
and further written as:
p0 = Γηthµ
s
aF0 (2.5)
where Γ is the Gruneisen parameter, ηth is the percentage of absorbed energy
converted to heat, µsa is the absorption coefficient of the sample (cm
−1),
and F0 is the laser optical fluence mJ/cm
2. The initial pressure rise can
achieve 800 Pa produced by a temperature rise of mK which is detectable
by conventional ultrasound transducers. We can conclude that the initial
temperature rise leads to a pressure rise via thermoelastic expansion. Finally,
pressure will propagate inside tissue in the form of a wave and detected by
a transducer.
2.2 Photoacoustic wave equation in time and
frequency domain
The PA wave equation can be derived from the generalized version of Hooke′s
law and Newton′s second law. The former is given by:
∇u = − p
ρv2s
+ βT − γH
2nclρv2s
(2.6)
while the latter
ρ
∂2u
∂t2
= −∇p (2.7)
The left-hand side of Equation 2.6 refers to the deformation or strain in
tissue upon stress. Stress is shown by the first term in the right-hand side
of the equation while the second refers to the thermal expansion due to
optical absorption in tissue and the last term is referred to as electrostriction.
6
Electrostriction can be neglected due to its small effect compared to stress
and thermal expansion. Its constituents will not be explained. Then, the
time variation of the strain can be expressed as shown in Equation 2.8 and
by combining it with Equation 2.7, Equation 2.9 is formed.
∂2
∂t2
∇u = ∂
2
∂t2
(− p
ρv2s
+ βT ) (2.8)
(∇2 − 1
v2s
∂2
∂t2
)p = −ρβ∂T
2
∂t2
(2.9)
The last term in Equation 2.9 is related to the well-known heat equation
by:
ρCp
∂T
∂t
= −αth∇2T +H (2.10)
where H is the heat capacity at constant pressure and H is the heating
function related to optical absorption Ae by H = ηth
∂Ae
dt
. As previously
mentioned, in thermal confinement conditions diffusion can be neglected.
Thus, 2.10 may be expressed as:
∂T
∂t
=
H
ρCp
(2.11)
and the time-domain PA wave equation is:
(∇2 − 1
v2s
∂2
∂t2
)p = −ρβ∂H
∂t
(2.12)
On the other hand, the frequency domain representation of Equation 2.11 is
computed by performing a Fourier transform in both time and spatial domain
resulting in:
(∇2 + k2)pˆ = −iωβ
Cp
Hˆ (2.13)
2.2.1 Signal-to-noise ratio: time and frequency domain
Regardless of whether the wave equation is expressed in time or frequency
domain, the detected PA is equal to:
Vtr = F
−1[F (p(r, t)Qtr(ω))ξ] (2.14)
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Equation 2.14 expresses that the transducer voltage response Vtr depends
on the ultrasound attenuation in tissueQtr(ω) which has a frequency-dependent
exponential form. F is the Fourier transform. Basically, U(ω) filters the ini-
tial pressure rise depending of its frequency. Lastly, ξ is the sensitivity of the
transducer at its peak frequency.
Time-domain PA equations are typically used when firing nanosecond
pulses while in the frequency domain intensity-modulated lasers are used.
The main advantage of intensity-modulated lasers is that they are inexpen-
sive compared to pulsed laser sources. However, by comparing both profiles
and setting its maximum power permitted by ANSI standards, the signal-to-
noise ratio of pulsed sources is 104 greater than that of intensity-modulated
lasers. Thus, in general it is preferred to use time-domain (pulsed) sources.
2.3 Breaking the optical diffusion limit
This section depicts one of the most important characteristics of PAI: super-
depth. As previously mentioned in Section 1.3, imaging deep within tissue
is a challenging task. Until PAI was used for biomedical purposes, the max-
imum depth that could be imaged was 1 mm, which is the soft tissue limit.
All techniques that seek to attain this limit depend on their tolerance to scat-
tering in tissue. For instance, classical microscopy has the lowest tolerance,
in which tissue needs to be cut in micron-thick slices. OCT, multiphoton
and confocal microscopy can tolerate more scattering due to their unique
characteristics: OCT relies on the backscattered signal by using an inter-
ferometric setup similar to the Michelson interferometer, multiphoton takes
advantage of nonlinearities by using ultrafast laser sources and confocal re-
jects the out-of-focus light by placing a pinhole at the detector side of the
system.
Photons follow a random path in tissue due to multiple scattering. Scat-
tering is produced by the numerous inhomogeneities in tissue which, as far
as light is concerned, constitute a difference in index of refraction. As can
be seen in Monte Carlo simulations [15], when a pencil-shaped laser beam is
incident in tissue, its photons can travel as a packet within the soft tissue
limit. However, diffusive photons can reach up to 10 mm in tissue before
being dissipated.
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In contrast to previous techniques, PAI has high tolerance to scattering.
Although photons are scattered inside the tissue, the source of contrast in
PAI is absorption in tissue, which will produce a PA signal detected by an
ultrasound transducer. All photons - ballistic, quasi-ballistic and diffusive
- will produce a detectable signal. Thus, PAI is able to break the optical
diffusion limit and is limited by dissipation. Moreover, the ultrasound wave
generated by tissue absorption can propagate far in tissue since acoustic scat-
tering is two or three orders of magnitude less than optical scattering. This
means that optical contrast is achieved with ultrasonic resolution. As will
be shown in further sections, resolution depends on the PAI configuration.
2.4 PAI configurations
There are two main types of implementations in PAI: photoacoustic mi-
croscopy (PAM) and photoacoustic tomography (PAT). Both techniques share
the same physical principles but differ in configuration and image reconstruc-
tion.
2.4.1 Photoacoustic microscopy
In PAM a single transducer is used to reconstruct the image. Depending on
desired resolution and depth, PAM can be divided in optical-resolution PAM
(OR-PAM) and acoustic-resolution PAM (AR-PAM).
Optical-resolution photoacoustic microscopy
OR-PAM configuration can image submicron features with lateral resolution
being determined by the objective lens according to Equation 1.1. Figure
2.1 illustrates an OR-PAM setup in transmission mode. An objective lens
focuses the excitation beam, forming a diffraction limited spot in a given ob-
ject. Similar to ultrasound, an A-line scan is detected by a single ultrasound
transducer using water as a coupling medium. In order to obtain an image
the sample is raster scanned using galvanometer mirrors. As the detected
pressure is originated by the diffracted limited beam, a simple reconstruction
method can be applied: maximum amplitude projection (MAP) forms a 2D
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Figure 2.1: OR-PAM configuration.
image while the third dimension depends on time-of-flight. As there exists a
trade-off between resolution and depth, optical resolution cannot be achieved
with a thicker sample. OR-PAM is applied to extract chemical properties of
thin samples. Lateral resolution is given by Equation 1.1 and axial resolution
is:
Raxi =
0.88vs
B
(2.15)
where B is the bandwidth of the transducer.
Acoustic-resolution photoacoustic microscopy
In AR-PAM light is not focused as in OR-PAM. A relatively large area is
illuminated and a higher laser energy can be used without exceeding the ANSI
laser safety limits (20 mJ/cm2). In this case lateral resolution is determined
by:
Rlat = 0.71λ0
0.5l
D
(2.16)
where λ0 is the acoustic wavelength, l is the focal length and D is the aper-
ture diameter of the transducer. As more energy enters the tissue, more
PA waves are excited at deeper sections of the tissue at the cost of lower
resolution. AR-PAM works at the diffusive regime in contrast to OR-PAM.
As mentioned, optical resolution is no longer available and the final acoustic
resolution will depend on the exponential attenuation decay as a function of
frequency. Image reconstruction is the same as OR-PAM. Figure 2.2 illus-
trates a reflection mode AR-PAM configuration. An axicon lens is used to
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Figure 2.2: AR-PAM configuration.
target a larger area in tissue. An ultrasound transducer captures PA waves
using water as a coupling medium.
2.4.2 Photoacoustic computed tomography
As opposed to PAM, PACT employs an array of unfocused ultrasound trans-
ducers in different geometries. Depending on desired image acquisition time,
a single transducer can be scanned across a given geometry. Figure 2.3 illus-
trates two detection geometries: spherical (can also be considered as circular
in two dimensions) and planar [16]. A delta laser pulse produces an initial
pressure at position r0 and time t initiated at p0(r).
For brevity, only the final backprojection equation is shown [17]:
p0(r) =
1
Ω0
∫
S0
[2p(r0, t)− 2t∂p(r0, t)
∂t
]
cos(θ0)
|r − r0|2dS0 (2.17)
where Ω0 depends on different geometries, 2pi for planar and 4pi for spherical.
θ0 is the angle between the detection surface normal and the vector pointing
to the construction point r.
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Figure 2.3: a) Spherical PACT configuration, b) Planar detector
configuration.
12
CHAPTER 3
PHOTOACOUSTIC SHADOW-CASTING
MICROSCOPY
As part of the next-generation photoacoustic systems development, key re-
quirements are more sensitive, faster and adaptable configurations that could
be applied to a wide range of biological samples. In conventional PAM there
are scenarios in which image contrast is poor due to low percentage of ab-
sorbed energy converted to heat produced by intrinsic tissue chemical prop-
erties considering that the obtained signal depends on the laser wavelength.
Moreover, there exist situations in which the sample might be extremely sen-
sitive to laser fluence as in OR-PAM configurations, where thin samples are
imaged. In such cases, the image contrast may also be poor. Previous ap-
proaches have tried to enhance the sensitivity and accuracy of the system by
increasing the laser pulse energy, averaging, injecting contrast agents or us-
ing more sensitive sensors (PICs) [18, 19, 20, 21, 22]. Enhancing the SNR of
such signals is the main motivation behind the development of photoacoustic
shadow-casting microscopy (PASM) with the goal of being able to solve these
situations in a cost-effective, easy and minimally invasive implementation. A
version of this chapter has been submitted to Optics Letters [23].
3.1 Theoretical background
Recall Section 2.1. Equation 2.5 expresses the initial pressure rise produced
by a delta pulse laser source. In cases where weak absorbers are targeted ηth
will be low and thus the pressure rise might not be detected. On the other
hand, when sensitive samples are targeted, the laser fluence F0 will be low
having the same effect as low percentage of absorbed energy converted to
heat in the pressure rise.
p0 = Γηthµ
s
aF0 (3.1)
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A weakly absorbing specimen reduces laser fluence passing through it to
the absorbing layer and thus casts its absorption effects as shadow images
on the uniformly strong background. The development of PASM is inspired
by the NASA Kepler mission to survey the Milky Way galaxy, where the
existence of a new planet was determined by a dip in the brightness of a star
when a planet crosses in front of it. Given a uniform optical absorbing plate
in PASM, a dip is observed when the scanning laser beam passes through
the sample.
In PASM, the laser fluence at the background layer, F ′0, is given by the
Beer-Lambert law:
F ′0 = F0e
−µsad (3.2)
where µsa is the absorption coefficient of the specimen, and d is the specimen
thickness. Given an optically thin biological sample, Equation 3.2 can be
approximated as a first-order Taylor expansion:
F ′0 ≈ F0(1− µsad) (3.3)
For an optically thin sample, we can consider that the transducer effec-
tively integrates the pressure within the entire sample thickness including
the background layer. The output PA signal is then:
p′0 = Γηth(µ
s
a + µ
b
a)F
′
0 (3.4)
Because the optical absorber is chosen such that µba  µsa , Equation 3.4
can be simplified as:
p′0 ∼= ΓηthµbaF ′0 (3.5)
Considering the obtained PA signal from the background layer as p
′′
0 =
Γηthµ
b
aF0, the difference in the PA signals between the background and sam-
ple locations is:
∇p = p′′0 − p′0 = Γηthµba(F0 − F ′0) = ΓηthµbaµsadF0 (3.6)
If we choose a background layer with an absorption coefficient µba > 1/d,
then ∇p > p. Therefore, the PA difference signal ∇p obtained by PASM is
14
Figure 3.1: PASM system setup.
higher than that p0 acquired by conventional PAM. The gain factor M is:
M =
∇p
p0
= µbad (3.7)
3.2 Experimental setup
The experimental setup is similar to OR-PAM configuration as PASM is
used for thin samples such as a single layer of cells. A nanosecond laser
pulse is used due to its high PA wave generation. For more details refer
to subsection 2.2.1. The laser pulse is spatially filtered and directed to a
pair of two-dimensional galvanometer mirrors that raster scan the sample
with a desired field of view (FOV) and step size (computer-controlled). A
scanning lens is placed at a focal length distance from the mirrors to en-
sure telecentricity along the scan. The scanning lens is also at the conjugate
plane of the objective lens. Figure 3.1 illustrates PASM configuration. At
the sample stage, a thin sample is smeared onto a microscope glass slide.
An optical absorber made of polymethylpentene (TPX) is placed on top of
the sample. Although TPX is used due to its acoustic impedance [24] value
close to biological samples, any other plastic might be used to enhance low
photoacoustic signals. As will shown in further sections, polyvinyl-chloride
is also used. Water is used as a coupling medium between the sample and
an unfocused transducer (25 MHz). The ultrasound signal is then amplified
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Figure 3.2: PASM lateral resolution characterization.
using two amplifiers in cascade configuration, digitized using a data acqui-
sition card (DAQ) and processed in the computer. Image reconstruction is
performed as with any other PAM configuration.
3.3 System characterization
A 10X, 0.25 NA objective lens was used to characterize the resolution of the
system. Note that lateral resolution in PASM is scalable depending on the
selected lens. A 1951 USAF resolution target is used as the resolution target
which contains carbon particles that will act as absorbers. A 22 µm feature
is used as a reference. An optical absorber is placed on top of the resolution
target to ensure that it does not affect the system resolution. Figure 3.2
shows a MAP of the reference in a 40x40 µm2 scanning region with 1 µm
increment steps. The MAP across the edge of the reference is fitted using
the edge-spread function (ESF). The line spread function (LSF) is obtained
from the ESF. The lateral resolution is estimated as the full width at half
maximum (FWHM) of the LSF which is 5 µm. Resolution could be further
improved by employing a higher NA objective lens.
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Figure 3.3: MAP image of fluorescent beads a) PAM, b) PASM third scan,
c) PASM fifth scan.
3.4 Fluorescent bead imaging
Upon light absorption, the sample may release its excited state energy in form
of fluorescence or thermal relaxation back to ground state. Thus, fluorescence
and PAI are compatible. The typical detected PA signal emanating from a
fluorescent sample is equal to 1−γ, where γ is known as the quantum yield. In
practical situations, the quantum yield is never 1 and there always exists an
emitted PA signal. In this experiment, fluorescent beads were used as a weak
optical absorber. A 20X, 0.7 NA objective lens was used. A 0.1 mL sample of
fluorescent bead spheres (10 µm size) was placed in the sample stage. Laser
pulse energy was reduced to avoid photothermal damage. Figure 3.3a shows
the PAM-MAP image of a 120x120 µm2 fluorescent bead region with 1 µm
step increments. As can be seen, the image is dominated by random noise.
In order to demonstrate PASM’s capability to enhance the overall sensi-
tivity of the system with respect to conventional PAM, an optical absorber
made of TPX was placed on top of the fluorescent bead sample. Laser flu-
ence, scanning region area and step size were the same as in conventional
PAM imaging. Figure 3.3b and c illustrate a MAP PASM image of flu-
orescent beads. The beads are rendered with high contrast-to-noise ratio
and the sample is well preserved after multiple scans, demonstrating little
photodamage as PASM requires much less fluence than PAM.
Figure 3.4 shows the difference in SNR between PAM and PASM. SNR of
15 dB and 50 dB have been obtained, respectively. The increase of SNR in
PASM is due to the use of an optical absorber.
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Figure 3.4: Difference in SNR between PAM and PASM.
Figure 3.5: RBC imaging a) PAM configuration, b) PASM configuration.
3.5 Red blood cell imaging
This section demonstrates the ability of PAM to image biological samples
using an optical absorber made of polyvinyl-chloride. As mentioned in pre-
vious sections, any absorber may be used. Polyvinyl-chloride was chosen due
to its high light absorption. The chosen biological sample was a fresh blood
smear of bovine blood. The sample was placed onto a 0.17 mm thick cover
glass.
Similar to Section 3.4 the laser pulse energy was lowered in order to avoid
photothermal damage. Figure 3.5a shows RBCs PAM imaging at low pulse
energy.
In contrast, when a thin and uniform of poly-vinyl chloride was placed on
top of the sample Figure 3.5b is obtained. The RBCs are rendered with high
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contrast-to-noise ratio while the sample may be preserved after several scans
due to low laser fluence. The use of an optical absorber allows much more
flexibility in choosing laser fluence. PA detection sensitivity can be further
improved using optical resonator detectors such as Fabry-Perot etalons or
whispering gallery mode resonators. These will be explained in Chapter 4.
3.6 Discussion
In contrast to PAM, PASM MAP images are inverted due to PASM’s shadow-
casting nature. As some light is absorbed by the thin biological sample,
regions that have not passed through the sample will have more energy. As
a consequence, such regions will produce a higher PA signal in the optical
absorber placed after the sample. The only condition in selecting the optical
absorber is that it produces high PA signals enhancing the sensitivity of the
system. Despite that TPX was used in principle due to its acoustic impedance
and transparent characteristics, any other absorbing layer may be used as
long as it is relatively thin and uniform such that it produces the same PA
signal along the FOV. The background layer can also be used as a substitute
for the Petri dish glass seal. The difference in acoustic impedance between
biological samples and glass is high and produces most of the acoustic waves
being reflected by the glass and not reaching the ultrasound sensor. PASM
is also faster than PAM. When low SNR is detected the signal needs to be
average in order to increase the final image contrast.
However, PASM has high SNR such that the signal does not need to be
average and the increase in speed is a factor of N , where N is the number of
averages in PAM. PASM can also be applied to enhance signals of low SNR
coming from intensity-modulated diode lasers which are chosen to decrease
the overall cost of the system [25]. PASM is an ideal candidate to monitor
sensitive cells as it requires low laser fluence which reduces the photothermal
damage in cells [26]; time-lapse imaging over longer periods of time is thus
enabled. Furthermore, in PAM a weak absorber may not be imaged. Low
absorption from the sample is less than the noise produced by the cover glass
absorption and its reflections. PASM overcomes this limitations with a stable
and strong SNR.
Finally PASM does not rely on contrast agents [27]. It is a cost-less, easily
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applied and minimally invasive technique that can be applied to a wide range
of biological samples, especially weakly absorbers and sensitive samples.
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CHAPTER 4
TOWARDS ALL-OPTICAL METHODS
Developing the next-generation of PAM system involves creating faster and
more sensitive devices that can be integrated in a miniaturized PAI device.
Chapter 3 described PASM as an add-on to a conventional PAM configura-
tion increasing its overall sensitivity. This chapter describes a new type of
sensor in PAI known as all-optical (AO) sensor. There are two main imple-
mentations - whispering gallery mode resonators (WGMRs) and Fabry-Perot
(FP) sensors - which are explained in Sections 4.1 and 4.3, respectively. Com-
pared to conventional piezoelectric transducers they have better sensitivity
and can be miniaturized. As the active element in piezoelectric transducers
decreases, its sensitivity decreases too. This is not the case in AO methods.
4.1 Whispering gallery mode resonators: micro-ring
resonator
WGMRs have been applied in biomedicine since the early 90s. They are
based on acoustic whispering galleries such as Saint Paul’s cathedral in the
United Kingdom. Figure 4.1 illustrates this principle in which the sound
emitted by a talker reaches a listener on the opposite side of the room without
low attenuation because acoustic waves follow the circular path of the gallery.
Figure 4.2 shows an optical WGMR also known as micro-ring resonator
(MRR). Although there are different implemented geometries, the basic prin-
ciple is the same. An optical field E1 propagates through a dielectric waveg-
uide. Due to Maxwell’s boundary conditions there exists an evanescent field
that emanates from the waveguide and decays exponentially. Thus, if an-
other waveguide, in this case a ring-shape waveguide, is placed close to the
sample there will be a field E4 coupled into the ring. The maximum allowed
distance for efficient coupling is on the order of the optical wavelength. E2
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Figure 4.1: Acoustic whispering gallery.
Figure 4.2: Micro-ring resonator.
represents the field inside the ring-shape waveguide after each roundtrip and
E3 is the total transmitted field through the initial waveguide.
E3 = αi(τE1 + jκE2) (4.1)
E4 = αi(jκE1 + τE2) (4.2)
where αi is the insertion loss due to mismatches, τ and κ are the amplitude
and transmission coefficients, respectively. The transmission function as a
function of wavelength is shown in Figure 4.3, where different finesse are
considered, and given by Equation 4.3.
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Figure 4.3: Transmission function.
T = |E3
E1
|2 (4.3)
The ring will resonate when l = 2pir is equal to a multiple of half a wave-
length, where r is the radius of the ring. In such case, a standing wave will be
formed and energy will be stored inside the cavity. In other words, a single-
pass phase shift φ is equal to 2pineff l/λ where neff is the effective refractive
index.
An incident pressure wave will deform the waveguide changing its optical
length and effective refractive index via the elasto-optic effect. In order to
sense small change in the optical phase a tunable laser is usually used and
set at a wavelength that coincides with the highest slope of the transmission
function. Then, a minimum change in the optical path will be shown as a
change in the output intensity (see Figure 4.4).
A transparent broadband MRR for PAI was developed by Li et al. [28].
An ideal PAI sensor must be broadband due to the nature of PA waves in
tissue, transparent such that it can be operated in reflection and transmission
mode, highly sensitive and wide angle response. The sensitivity of a MRR is
given by:
S =
∂T
∂P
=
∂neff
∂P
∂λr
∂neff
∂T
∂λr
(4.4)
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Figure 4.4: Ultrasound detection using WGMR.
Considering the change in index of refraction negligible, Equation 4.4 can be
simplified as
S = AλrQ (4.5)
where A is the parameter related to material properties and Q is the Q-factor,
which is a measure of the strength of the damping of its oscillations and a
Fourier pair of the photon lifetime. In other words, the longer a resonator
can store a photon inside its cavity, the higher the Q-factor. The noise-
equivalent pressure (NEP) of the MRR developed in [28] is several orders
of magnitudes lower than conventional piezoelectric transducers. NEP is a
parameter related to S in order to express the minimum detectable pressure
wave.
4.2 Intravascular multimodal imaging of
atherosclerotic plaques
The following section describes a direct application of PAI using WGMR as
an ultrasound detector. According to the World Health Organization (2015)
there were an estimated 7.4 million deaths worldwide due to coronary heart
attacks and 6.2 million due to stroke. Sensitive atherosclerotic plaques in
veins are known to be one of the major causes of heart diseases due to their
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Table 4.1: Characteristics of multimodal probe.
Imaging technique OCT PAM
Image contrast Optical scattering Optical absorption
Measured vessel property 3D microanatomy 3D lipid distribution
influence in acute coronary syndrome (ACS).
Current conventional biomedical techniques that detect atherosclerotic plaque
in veins are based on ultrasound; intravascular ultrasound (IVUS) provides
structural and geometrical information of the vein but its low resolution (100
µm at 40 MHz) and the lack of chemical information generated limit its ap-
plications. Thin fibrous caps (60 µm) and lipid areas are not detected by
ultrasound techniques. IVUS can only image tissue structure and has no
sensitivity for large lipid pools in veins, and the miniaturization of conven-
tional piezoelectric transducers is nontrivial due to its decrease in sensitivity
as the size of the active element decreases. An ideal intravascular imaging
technology must identify plaque components, provide enough resolution to
identify such fibrous caps and monitor the vulnerability of the plaque [29].
PAM meets all these requirements.
As mentioned in Section 4.1 all-optical ultrasound sensors permit miniatur-
ization while maintaining sensitivity compared to piezoelectric transducers.
Such devices generally have an outside diameter larger than 1 mm, restricting
their practical use in imaging small vessels. Apart from revealing chemical
information via PAI, our approach is to combine it with another widespread
biomedical imaging technique: optical coherence tomography (OCT) [30].
OCT uses the backscattered signal coming from the tissue via interferom-
etry enabling structural information, as in IVUS but with high-resolution.
These two imaging modules can work in concert, providing complementary
information about pathological sites of interest meeting the aforementioned
requirements for a precise analysis of atherosclerotic plaques (see Table 4.1).
The resultant system will enable 3D imaging of atherosclerotic plaques with
m-order spatial resolution and direct identification of tissue components in
the vessel wall, with high chemical specificity for lipids.
Figure 4.5a shows a schematic of our intravascular multimodal imaging
probe. A 1325 nm, 100 nm bandwidth superluminescent diode (SLD) is
used as a light source for OCT and coupled into a 50/50 fiber: half of the
power is directed to a mirror which acts a reference and the other half is
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Figure 4.5: Intravascular multimodal probe: a) System setup, b) Motor
section, c) Detailed probe.
directed towards the distal end of the probe and focused onto the sample
by a gradient-index (GRIN) lens (Figure 4.5c)). Then, they interfere with
each other and the resultant spectral interferogram can be measured by a
spectrometer.
On the other hand, in PAM PA waves are acquired by a broadband ultra-
sonic sensor probe based on a WGMR. With a total thickness of less than 100
µm the WGMR enables highly sensitive ultrasound detection with a broad
bandwidth (100 MHz). WGMR exhibits a higher detection sensitivity and a
much smaller size, being able to image smaller vessels. Lastly, Figure 4.5b
illustrates the scanning part of the system; a micromotor rotates the catheter
to obtain 360 degrees information of the vein.
4.3 Fabry-Perot sensors
Fabry-Perot sensors are an emerging alternative to WGMRs, based on the
same principle: an incident PA wave disturbs the resonance of the device.
In this section we will go through the main characteristics of the FP sensor
as well as its fabrication process. Every step in its fabrication is centered
in finding the most optimized materials, processes and dimensions for both
optics and acoustics.
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A polymethylmethacrylate (PMMA) film is used as a substrate. Figure
4.6 illustrates the polymer film acting as an FP interferometer [31]. If the
film is illuminated at normal incidence by a laser with a given wavelength,
the resultant intensity I0 may be expressed as:
I0 = I1 + I2 + 2
√
I1I2cos(Φ) (4.6)
In previous equation, Φ is the phase difference, I1 and I2 are reflections
due to different index of refraction. An incident PA wave will change the
optical phase difference:
Φ = φ+ ∂φ (4.7)
and Equation 4.6 is now:
I0 = I1 + I2 + 2
√
I1I2(cos(φ)cos(∂φ)− sin(φ)sin(∂φ)) (4.8)
Consider the case in which light at normal incidence travels an optical path
of 2l where l is the polymer sensing film. Then, light incident at an angle θ
will travel:
δl = 2l(
1
cosθ
− 1) (4.9)
and its corresponding phase difference with respect to the normal incident
ray is equal to:
φd =
4pinl
λ
(
1
cosθ
− 1) (4.10)
Thus, as the angle of incidence is increased, φd = pi will produce destructive
interference with normal incidence illumination. In order to avoid signal
canceling, the length of the cavity needs to be restricted to 40 µm.
On the other hand, the strain produced by the incident PA wave will also
affect the phase (∂φ) by changing the thickness of the polymer spacing:
∂φ =
4pin∂l
λ
(4.11)
where ∂l is given by:
∂l =
∫ l
0
PT (x, t)
E
dx (4.12)
where E is the Young’s modulus and PT (x, t) is the sum of all the acoustic
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Figure 4.6: Low-finesse FP interferometer.
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Figure 4.7: FP sensor schematic.
waves inside the spacing which is the incident plus all its reflections due to
impedance mismatches. Thus, the more reflections, the higher the sensitivity
of the system due to the continuous change in thickness of the polymer spac-
ing. However, there is a trade-off between sensitivity and frequency response.
Higher frequencies, associated with finer details in images, will be aliased by
low frequencies and that is the main problem with material selection and
the reason why PMMA is used as an FP sensor substrate: it matches better
acoustically with the polymer spacing, typically made of parylene C [32]. Fig-
ure 4.7 [33] shows the schematic of a FP sensor. As previously mentioned, a
parylene C spacer is sandwiched between two mirrors. Mirror thickness, lay-
ering and material depend upon desired reflectance and transmittance wave-
lengths. Typically, mirror deposition is made by plasma-enhanced chemical
vapor deposition (PECVD) under 100◦ due to the low temperature melting
point of the PMMA substrate. After vacuum chamber deposition of parylene
C the second mirror is formed. The thickness of the spacing is critical to the
resonant frequency and it needs to be uniform; otherwise there exist multi-
ple resonant wavelengths inside the FP interferometer. The diameter of the
overall FP sensor may change depending on its application. For instance, a
1 mm diameter is desired for endoscopic purposes.
Finally, the total sensitivity of an FP sensor is determined by the reflected
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optical power modulation per unit acoustic pressure (µW/MPa)[32]:
S =
∂Ir
∂P
= IsAs (4.13)
where Is is the optical phase sensitivity measured in µW/rad) and given by:
Is =
∂Ir
∂φ
(4.14)
and As is the acoustic phase sensitivity:
As =
∂φ
∂P
=
4pinl
λ
1
E
|Pi(k)| (4.15)
with |Pi(k)| being the frequency dependent term shown in Equation 4.12.
4.4 High-resolution high-speed 3D imaging of neural
networks
In brain imaging, the main limitation of previous approaches has been the
inability to image fast. Current approaches such as confocal or multiphoton
imaging are able to record activity of large neural networks at high resolution,
but they require animal stability during the data acquisition. Thus, the
animal needs to be anesthetized and a high percentage of the neural activity
is lost when the animal is asleep. It completely abolishes and alters several
forms of neural dynamics, such as persistent activity. On the other hand, the
need for head fixation severely limits the behavioral repertoire and prevents
researchers from using a large set of behavioral tests that provide a wealth of
associated information. Therefore, the notion that the animals are far more
likely to engage in normal behavior when they are awake and liberated from
head fixation provides a strong incentive for the development of miniaturized
head-mounted imaging systems.
As with WGMRs, FP ultrasound sensors have been used for PAI endo-
scopic designs providing three-dimensional, high-resolution imaging of thick
tissue. Figure 4.8 shows an optical PAI probe based on FP sensors developed
by [34]. The major limitation preventing these configurations from being ap-
plied clinically is their data acquisition speed. As can be seen, the system
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Figure 4.8: Endoscopic PA probe. Previous approaches.
contains an XY scanner that scans every fiber. Due to the high density fiber
bundle (up to 50,000 cores) the data acquisition time may take up to minutes.
The sensing mechanism consists in an incident PA wave incident in the
FP interferometer changing the optical path length of the FP cavity due to
its flexible characteristics. The FP sensor incident wavelength is set at the
highest slope of the interferometric transfer function (ITF) using a tunable
laser such that a minimum change in the optical path length will dramatically
change the emitted optical power as with WGMRs. In other words, there
exists an acoustically induced modulation producing a phase shift that is
expressed as a change in the reflected optical power modulation.
On the other hand, our state-of-the-art PA endoscopic probe system is
shown in Figure 4.9a. Two light sources are used: excitation and interroga-
tion. The former is used to excite PA signals from tissue while the latter forms
the FP interferometer. Each fiber in Figure 4.9b acts as a point detector,
enhancing the resolution of the system such that the change in optical power
is individually measured. In contrast to other methods where the fiber bun-
dle is raster scanned, all the fibers are interrogated at the same time. Thus,
our method may be used to capture single-shot PA high-resolution images.
A 2D to 1D fiber bundle shown in Figure 4.9b can transform light from
a rectangular shape at the distal end of the bundle to a one-dimensional
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Figure 4.9: Endoscopic PAT brain imaging. a) System, b) Fiber bundle.
line at the proximal end. The 1D output serves as the input of a streak
camera. A streak camera measures the variation of light intensity similarly
to a photodiode. However, the main difference lies in the operation of the
streak camera, which transforms temporal variations in picosecond intervals
into spatial profiles by using a photocathode and an electric field that deflects
electrons produced via photoelectric effect. Photoacoustic reconstruction im-
ages can be performed using multiple methods such as time-reversal [35]: by
measuring pressure time signals originating from tissue, encoded in a fiber
bundle and recorded by the streak camera, an image of the initial pressure
initial distribution can be reconstructed.
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CHAPTER 5
CONCLUSIONS AND FUTURE WORK
In summary, we have contributed to the development of the next genera-
tion of PAI systems: more sensitive, faster, user-friendly, cost-effective and
miniaturized systems.
First, we have developed PASM, a technique which enhances the sensitivity
of conventional PAM by using an optical absorber. PASM requires a much
reduced laser pulse energy to render high-resolution imaging of biological
samples compared to conventional PAM and thus alleviating the photother-
mal damage to the specimen. PASM can be applied to time-lapse imaging
of weak absorbers and sensitive samples since it has been demonstrated that
multiple scans do not affect the specimen.
Moreover, we are developing novel PAM applications that have tremen-
dous potential for application in real clinical scenarios. We create methods
to overcome the current main drawbacks of existing gold standard medical
techniques, such as low sensitivity, slow data acquisition, low resolution and
bulky setups. In particular, we are combining PAM with OCT in a single de-
tection device, an intravascular catheter of 1 mm diameter which detects PA
signals using a WGM resonator. We are further investigating the use of other
optical resonators such as FP etalons. The ultimate goal is the fabrication of
the sensor and its implementation in a single PA probe that can detect PA
signals coming from neural networks by the modulation of the optical power
in a fiber bundle and the use of a streak camera. The result will be a 3D
high-resolution PAI endoscope that is able to track neural networks of freely
behaving moving animals and that could be further implemented in breast
cancer screening and brain imaging.
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